I. INTRODUCTION A. Cavitation in ultrasound (US) therapy
Over the past three decades, the potential of ultrasound (US) to increase the permeability of biological membranes to different classes of therapeutically active compounds has been widely demonstrated, paving the way for its use in the treatment of malignant and nonmalignant diseases. [1] [2] [3] Cavitation, the creation and subsequent oscillation of gas and/or vapour bubbles, has been shown to play a key role in this process. 4 Consequently, a variety of different ultrasound-responsive agents (US-RAs), including coated gas microbubbles, phase-shift nanodroplets, and gas entrapping solid nanoparticles, [5] [6] [7] have been developed to promote cavitation and thus enhance or localise the mechanical perturbation induced by US alone. The systemic distribution, circulation time, and acoustic responsiveness of these agents strongly depend on both the physical properties (i.e., size, compressibility, density) of the particles and the a) V. Pereno and M. Aron contributed equally to this work. b) Authors to whom correspondence should be addressed: d.carugo@soton.ac.uk and eleanor.stride@eng.ox.ac.uk chemical composition and charge of the surface coating. These properties can potentially be tailored for a desired application or therapeutic outcome. Moreover, agents can be functionalised with targeting species for efficient accumulation at a specific organ or tissue, upon application of external physical stimuli (e.g., magnetic fields 8 ) or via bio-chemical interactions. 9 Performance optimisation and clinical translation of US-RAs, however, require a comprehensive understanding of the mechanisms of interaction with biological systems, from the subcellular level upwards. These mechanisms include a range of phenomena: 10 direct interaction between bubbles and cells through impingement 11 disrupting the cell membrane or activating mechanosensitive ion channels; the production of microjets during bubble collapse 12 perforating the cell membrane; material transfer 13, 14 altering the physical properties of the membrane; production of chemical species such as hydrogen peroxide; 15 shockwaves emitted by collapsing bubbles, and cavitation induced microstreaming, which may facilitate drug delivery by increasing transport and mixing and/or by imposing high levels of shear stress and spatial and/or temporal shear stress gradients. [16] [17] [18] The diversity of these mechanisms makes their study extremely challenging, as does the range of time and lengthscales over which they operate, from nanoseconds to hours and from sub-nanometre to mm, respectively. A detailed review of the techniques that have been applied and/or developed for this purpose may be found in Ref. 19 . Section I B provides a brief overview.
B. Existing devices
Advanced analytical and optical instruments have been developed to probe the physical and chemical properties of biological cells and sub-cellular structures, at increasingly high spatial and temporal resolution. 13, [20] [21] [22] [23] The integration of commercial analytical and optical instrumentation with custom-built ultrasound stimulation rigs (i.e., water-tank based apparatus) however poses significant practical and technical challenges. 19 A typical experimental setup for ultrasound-mediated stimulation of biological samples consists of an acoustically and optically transparent chamber, such as an Opticell TM (Refs. 13 and 24) (Thermo Fisher Scientific) or other custom-built devices. 25 These chambers are biologically compatible and suitable for the generation of a well-defined and clinically relevant acoustic field. To do so however requires the use of a relatively large volume water tank, which limits the degree to which they can be integrated with optical microscopy systems. Moreover, parallel-plate chambers are often not designed for continuous-flow experimentation and may suffer from high wall shear stress during priming or practical difficulties in removing exogenous air bubbles. 25 Alternative devices that do not require immersion in a water tank have been employed to investigate the physical and/or biological effects of cavitating agents. These include glass cuvettes, capillaries, and cylindrical chambers that can be coupled to a piezoelectric (PZT) element. 26, 27 Given their material and dimensional properties, acoustic standing waves may compromise the uniformity of the acoustic pressure field, and devices are often not suitable for high-resolution microscopy or for performing biological assays. Moreover, they are typically driven at relatively low ultrasound frequencies (i.e., 20-200 kHz) compared to the MHz range of frequencies used in therapeutic applications.
Microfluidic devices with integrated ultrasound sources (either bulk or surface waves) have also been reported, providing the advantage of physiologically relevant confinement and optical imaging at high spatial resolution. [28] [29] [30] They have been employed to investigate the behaviour of gas microbubbles under US excitation or to elicit membrane permeabilisation, but are often actuated at relatively high US frequencies (i.e., !2 MHz) corresponding to a resonance frequency of a composite structure and that are not therapeutically relevant. Moreover, the acoustic pressure in these systems is typically below the therapeutically relevant range, and strongly resonating structures may suffer from large acoustic pressure amplitude gradients in the internal fluid cavity. Such devices are also not typically reusable, and their inner surfaces are difficult to treat or coat, if the constitutive layers are permanently bonded together (i.e., via treatment with oxygen plasma).
More conventional "acoustofluidic" devices utilise ultrasound standing wave (USW) fields within a fluid cavity in order to manipulate microparticles, biological cells, or microorganisms towards specific regions of the ultrasound field. 31, 32 These usually correspond to the pressure nodes of the USW, the positions of which can be tuned on-demand to achieve cell separation and sorting, sample filtration and concentration, or detection of target cells/organisms. 33 Notably, acoustofluidic devices have also been employed to investigate the enhanced mixing of chemical species associated with flow perturbations from cavitating microbubbles. [34] [35] [36] [37] [38] [39] Acoustofluidic devices designed for acoustic manipulation normally comprise strong acoustic pressure and energy density gradients within their fluid cavities. 40, 41 These gradients may result in relatively high acoustic streaming velocities, i.e., steady fluid motion induced by the USW field in the absence of cavitating agents. 42 Such devices are therefore not well suited to the study of cavitation induced bioeffects, since, for example, strongly resonating acoustofluidic systems can themselves generate intracellular delivery of pharmaceutical compounds, due to the associated high streaming velocities. 27 
C. Challenges
A combination of microscopy, high speed imaging, acoustic monitoring, and chemical and biological assays is required in order to study the interactions between US-RAs and tissue. An ideal system should therefore:
Provide a well defined and spatially uniform acoustic pressure field to provide consistent exposure conditions across a sample. We have attempted to develop an acoustofluidic device to meet these requirements. The design is based on a thin-reflector resonator configuration, 27, 43 which has been adapted to achieve a uniform acoustic pressure field in the direction of US propagation, at ultrasound frequencies suitable for transmission through both hard (0.5 MHz) and soft tissues (1 MHz).
In Secs. II and III, the construction of the device, characterisation of the acoustic field, and thermal properties are presented. In Sec. IV, the utility of the device in characterising the behaviour of US-RAs both optically (using a high-magnification objective) and acoustically (using a polyvinylidene fluoride film) is demonstrated. A method for mapping the fluid velocity produced by cavitation microstreaming using particle streak velocimetry (PSV) is described. Finally, a demonstration of the device in observing bubble-cell interaction, quantifying the effects upon cell membrane integrity, and determining the efficiency of microbubble-mediated cell sonoporation is presented.
II. DEVICE DESIGN AND FABRICATION
The microfluidic layered acoustic resonator (lLAR) devices used in this study consist of the following layers: i. a single piezoelectric element, ii. a ceramic carrier, iii. a fluid cavity, and iv. a glass reflector (Fig. 1) . Each lLAR is designed to be operated at the first thicknessmode resonant frequency of its layered structure and has an acoustic pressure minimum located at the reflector-air boundary. This is in contrast to commonly employed half-wave and quarterwave resonators, which typically have acoustic pressure nodes within their fluid cavities. 44 
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Pereno et al. Biomicrofluidics 12, 034109 (2018) Thus, whilst half-wave resonators may trap particles at the midplane of the fluid cavity and quarter-wave resonators may manipulate particles nearby a boundary of the fluid cavity, in the lLAR configuration presented here the acoustic pressure gradient is minimised in the direction of ultrasound propagation across the fluid layer. The reflecting layer of the lLAR is much smaller than the wavelength of sound in the layered structure, thus potentially allowing for a more uniform field in the direction of ultrasound propagation at the cost of reflecting less acoustic energy into the fluid cavity. This trade-off nonetheless results in acoustic pressures and field gradients that are relevant for ultrasound mediated bioeffects. It should be noted that the terms "reflector" and "carrier," which will be retained for the sake of consistency with the literature, do not strictly describe the function of these respective layers in the lLAR configurations presented herein. lLARs were thus designed as thin-reflector layered acoustic resonators, the advantages and disadvantages of which are discussed in Secs. II A-II D.
A. The piezoelectric transducer
Two lLAR devices were designed to efficiently resonate at two therapeutically relevant ultrasound frequencies: 0.5 and 1 MHz. Commercially available 1 mm and 2 mm thick PZT-4 elements (Meggitt, UK) were employed to achieve the required thickness-mode resonances for the 1 MHz and 0.5 MHz lLAR designs, respectively. The adhesive used to permanently bond the piezoelectric transducer to the machinable ceramic carrier layer (Macor, Corning Inc.) was a twopart epoxy chosen to provide efficient acoustic coupling and to prevent formation of air voids at the interface between the transducer and the carrier. The one and two dimensional modelling performed in the design of the devices is included in the supplementary material (S2). . Macor is preferable to other ceramics because it can be machined using ordinary metalworking tools to 13 lm tolerances and can be inexpensively obtained at custom thicknesses and low quantities (in the present work, the Macor was from Ceramic Substrates and Components Ltd.). Moreover, it is a good thermal and electrical insulator, has a negligible thermal expansion coefficient, minimal outgassing, and porosity (making it well suited to biological work), and is compatible with piezoelectric transducers, and for use with gas-filled agents. 
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C. The thin reflector
The thin-reflector design of the lLAR has several practical motivations. First and foremost, a thin reflecting layer allows for better optical accessibility. For both lLAR designs presented herein, a widely commercially available glass coverslip was chosen as the reflector. Specifically, a #1.5 coverslip with 170 lm thickness was selected for compatibility with highmagnification microscopy and oil-immersion objectives. In addition to optimal optical characteristics, glass coverslips can be sterilized, provide a standard substrate for cellular adhesion and growth, are inexpensive, do not need to be altered or machined for use in a lLAR device, are disposable and/or reusable, and have acceptable thickness variations across batches for use in lLARs (610%).
D. Construction
For the 1 MHz device, a 30 Â 13 Â 1 mm 3 piezoelectric element (PZT-4, Meggitt PLC, UK) was acoustically coupled with a machinable ceramic layer using a thin film of epoxy resin (RX771C/NC, Robnor Resins Ltd, UK) cured at 30 C for 24 h. To fabricate the 0.5 MHz device, a 30 Â 13 Â 2 mm 3 PZT-4 piezoceramic element (Meggitt PLC, UK) was used. A fluid layer surrounded by a recess was milled in the ceramic layer. A polydimethylsiloxane (PDMS) gasket (Sylgard 184 V R Dow Corning Corporation, USA) was placed within the recess and was formed by mixing previously degassed PDMS precursor and curing agent (10:1 w/w), followed by a 1 h curing step at 90 C. The reflector layer consists of a 75 Â 25 Â 0.17 mm 3 glass slide (Logitech Ltd., Scotland). The layered device was held in place with a Perspex V R block fitted with flat-bottom thread fluidic connectors ( 1 = 4 in.-28) to deliver fluid suspensions of US-RAs to the fluid layer of the device. An aluminium frame with optical access was used to secure the device layers simultaneously, allowing for microscopy. Table I summarises the geometric features and materials of the two devices. A schematic of the device is shown in Fig. 1 , and full Computer Aided Design (CAD) drawings can be found in the supplementary material (S1).
III. DEVICE CHARACTERISATION
A. Acoustic pressure Therapeutically relevant pressures for sonoporation typically range from 0.15 to 0.5 MPa, 45 with in vitro studies reporting membrane poration at acoustic pressures as low as 0.08 MPa. 46 Acoustic pressure also influences the lifetime of contrast agents both in vitro and in vivo. Microbubbles can exist and oscillate up to 20 000 cycles at 1 MHz under low acoustic pressures (0.1 MPa), but their lifetime is significantly decreased at higher pressures (100 cycles at 0. 4 MPa 47 ) and/or lower frequencies. Experimental values of the acoustic pressure in the lLARs for different driving transducer voltages were determined by inserting a fibre-optic hydrophone into the fluid layer of the devices. Three independent measurements were performed in the 0-77 V range to yield the input voltage-acoustic pressure curve shown in Figs. 2(a) and 2(b). The chamber was filled with deionised water, the fibre-optic tip was inserted through a 0.5 mm hole in the reflector layer, and a pressure ramp was measured at varying driving voltages. A positive correlation between the acoustic pressure and input voltage was observed, with acoustic pressure peaks of 0.25 MPa Peak Rarefactional Pressure (PRFP) for the 1 MHz device, and 0.4 MPa for the 0.5 MHz device. It should be noted that other, less invasive methods for measuring acoustic pressure in microscale USW fields have been reported, such as the "drop voltage" technique. 27, 48 These methods, however, usually require efficient particle manipulation to the nodes of the USW and therefore are not applicable to characterizing acoustofluidic devices with weak acoustic pressure gradients across their fluid cavities.
B. Transducer temperature
Biological cells are typically very sensitive to variations in temperature, and in a small fluid volume, the heating produced by the ultrasound transducer cannot be ignored. The temperature response of the piezoelectric element was monitored during continuous excitation using an infrared thermal imager (Monition Ltd. UK). The transducers were driven at 76.6 V for 15 min and left to cool down for a further 15 min. Figure S7 in the supplementary material shows the temperature over the transducer surface as a function of time, indicating a sharp increase in temperature (D1. 5 C for the 500 kHz device, D1.0 C for the 1 MHz) in the first 3 min. This difference, however, will have little influence on the temperature of the fluid layer, given the low thermal conductivity of MACOR (1.5 W/m/K) 49 and of the glue layer. Furthermore, sonoporation studies do not typically involve long exposures (<10 min) to continuous wave ultrasound. This makes lLAR devices suitable for investigating the effects of ultrasound and US-RAs on target biological cells, by minimising secondary thermal effects caused by heating from the ultrasound source.
C. Resonance frequency verification
The resonance frequencies of the devices were verified experimentally using an impedance spectral analyser (C60, Cypher Instruments LLC) and found to be 513 kHz and 908 kHz for the TABLE I. Geometric and material properties of the constitutive layers for both the 0.5 MHz and the 1 MHz devices. The US wavelengths corresponding to 0.5 MHz and 1 MHz were calculated as 2.96 mm and 1.48 mm, respectively. The thicknesses refer to the layers shown in Fig. 1(b 0.5 MHz and 1 MHz devices, respectively. The impedance analysis was performed in both airand water-filled conditions, in order to clearly identify the first thickness resonant frequency of the fluid-filled layered structure. The discrepancies between experimental measurements and 1D model predictions may be caused by fabrication tolerances, tightness of the assembly, and lateral modes of vibration. The device was consistently operated at the experimentally determined resonant frequencies. Impedance spectra for both devices are included in the supplementary material (S5).
IV. MEASUREMENTS
As indicated in the introduction, it is desirable to be able to perform simultaneous measurements of microbubble dynamics, fluid motion, acoustic emissions, and cellular response within the same device in order to probe the mechanisms underlying bubble-cell interactions. Sections IV A-IV D describe how these measurements can be performed within the lLAR and present sample data for each.
A. Imaging of microbubble dynamics
Characterising the dynamic response of microbubbles to ultrasound excitation is essential in determining the mechanism(s) underpinning interactions between cells and US-RAs. Bubble oscillations may be highly non-linear, even at moderate ultrasound pressures, requiring extremely high imaging frame rates (>5 MHz) and consequently specialised cameras and illumination sources. 19 To be compatible with these systems, the lLAR must provide sufficient optical access to the region of interest in terms of both the dimensions of the chamber and optical transparency of the upper layers. To confirm this, oscillations of SonoVue V R (Bracco, Switzerland) microbubbles in the 500 kHz lLAR were recorded using the Brandaris 128 highspeed camera 19, 50 in a series of 128 frame acquisitions recorded at 6 Â 10 6 frames per second (6 Mfps) at 10X magnification. The setup for Brandaris-128 experiments is shown in Fig. 3(a) . To facilitate visualization of microbubble dynamics at high frame rates in the lLAR, the Macor carrier layer was gold sputtered for 240 s at approximately 1 Å /s, using a Cressington 108 sputter coater. The lLAR was positioned with the glass-reflector facing upwards toward the microscope objective of the Brandaris-128. Illumination was achieved using a continuous wave (CW) light emitting diode (LED) source (KL2500 LED, Schott) and a Xenon strobe flash.
A segment of the radius-time curve for an inertially-collapsing SonoVue V R microbubble extracted from the camera footage can be seen in Fig. 3(b) . 6 frames per second. Note that when the microbubble was too small to image, the radius was entered as 0 lm on the radius-time curve.
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B. Quantification of cavitation microstreaming velocities
Microstreaming has been hypothesized to play a major role in ultrasound-mediated drug delivery. 37, 51, 52 Shear stress and shear stress gradients have been associated with increased permeability, 53, 54 and may play a role in, e.g., ultrasound-mediated blood-brain barrier opening 55, 56 as well as in sonoporation. 57 It is therefore important to be able to visualise and quantify the flow field within the device so that correlation to cellular response can be investigated.
Particle streak velocimetry (PSV)
There are multiple techniques for flow quantification, including particle image velocimetry (PIV), ultra-high-speed particle tracking velocimetry (PTV), 58 or astigmatism particle tracking velocimetry (APTV). 59, 60 For the purposes of illustration, the comparatively simple technique of PSV was used here, but all of these methods can be employed with the lLAR. A suitable flow tracer, typically a suspension of fluorescent particles, is injected into the region of interest. The motion of the tracer is then imaged over a series of frames. If the image exposure time is longer than the time required for a tracer particle to travel the physical pixel size of the images, a streak is produced in the image capturing the path of the particle. The average velocity of the tracer particle during the exposure time is the measured arc-length of the streak in the image divided by the exposure time. Thus with PSV, rapid changes in the flow field can be quantified from a single streak image. A MATLAB PSV image analysis routine for determining particle streak velocities from standard fluorescence microscopy videos is included in the Supplementary Material together with an uncertainty analysis.
Microstreaming from different US-RAs
Streak images were obtained by co-injection of a solution containing 2 lm diameter fluorescent beads used as flow tracers (Sigma Aldrich, used at 1:1000 dilution) with one of 3 different US-RAs: SonoVue V R microbubbles, gas-trapping polymeric cups, and phase-shift droplets. Preparation of these cavitation agents is detailed in the supplementary material (S9-S11). In the 1 MHz lLAR, SonoVue . At 1 MHz, a dipole microstreaming pattern with the microbubble located at the centre of the dipole was most commonly observed. Streaming patterns involving multiple microbubbles were also observed that were qualitatively similar to those described by Ooi et al. for larger bubbles. 60 The highest recorded microstreaming velocities, as determined by PSV, were on the order of 1000 lm/s and microstreaming patterns were found to produce velocities greater than 100 lm/s at a distance of more than 1 mm from the cavitating microbubble. This corresponds to an average wall shear stress from microstreaming on the order of 1 mPa which agrees well with the study by Collis et al. 16 on shear stress from cavitation microstreaming.
C. Monitoring of acoustic emissions
Acoustic emissions monitoring provides a means of classifying and quantifying cavitation activity non-invasively during ultrasound-mediated therapy with clinically relevant spatial and temporal resolution. 61, 62 It is thus of interest for any in vitro experiment investigating cavitation to simultaneously (passively) monitor acoustic emissions. Acoustic emissions from SonoVue V R (Bracco, Switzerland) microbubbles, which give rise to both non-inertial and inertial cavitation activity, and gas-trapping polymeric cups, which only cavitate inertially, were monitored using a commercially available electrically-insulated 28 lm thick polyvinylidene difluoride (PVDF) film sensor (SDT1-028K, Measurement Specialties) while exposed to ultrasound in the 500 kHz lLAR device. The sensor was externally coupled with ultrasound gel to the glass reflecting layer and held in place using the aluminium frame of the 500 kHz lLAR device. The voltage output from the PVDF sensor was amplified with 5Â gain (SR445A, Stanford Research Systems) before being recorded with an oscilloscope (Waverunner 62 Xi, Teledyne LeCroy).
It was found that the PVDF film sensor externally-coupled to the 500 kHz lLAR device was capable of detecting harmonic, ultra-harmonic, and broadband emissions from clinical ultrasound contrast agent SonoVue V R microbubbles (Bracco, Switzerland) and polymeric nanocups (see Fig.  5 ). The acoustic emission results and fibre-optic hydrophone pressure measurements obtained from the acoustofluidic device are in good agreement with the acoustic emissions thresholds reported in the literature 18 for SonoVue V R at 500 kHz and obtained using a conventional watertank apparatus. Harmonic emissions at low ultrasound pressure, followed by widening of harmonic peaks and leakage of energy into ultra-harmonics as the ultrasound pressure increased, and finally broadband emissions at high ultrasound pressures were observed (Fig. 5) .
Acoustic emissions from gas-trapping polymeric cups are decidedly different. Notably, the acoustic emission data from polymeric cups in the 500 kHz lLAR agree with the previously described 5 broadband emissions threshold for these cavitation nuclei. Upon increasing the acoustic pressure, the polymeric cups exhibit a step-change from producing only modest acoustic emissions to producing substantial broadband noise. This threshold is hypothesised to be associated with the pressure required to elicit a bubble from the cup, which is coincident with the inertial cavitation threshold. 63 
D. Monitoring of biological effects
Fluorescence microscopy for visualising and quantifying interactions between US-RAs and cells remains an indispensable modality for understanding the interplay between such experimental parameters and the resultant biological effects. It has been used to quantify changes in intracellular calcium, 64 reactive oxygen species generation, 65 actin cytoskeleton integrity, 66 membrane lipid ordering, 14 and vesicular activity, 15 among others. 13, 24 The lLAR devices presented herein enable simultaneous control of ultrasound excitation and fluorescence microscopy 
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Pereno et al. Biomicrofluidics 12, 034109 (2018) without the need for the more complex setups often employed to conduct such mechanistic investigations. In addition to compatibility with high magnification fluorescence microscopy, a key feature of the lLAR design is the ability to visualize during ultrasound exposure enabling the quantification of dynamic processes whether mechanical (e.g., microbubble oscillations, microstreaming flow fields, microbubble/cell membrane penetration), chemical (e.g., reactive oxygen species generation, lipid shedding/exchange), thermal (e.g., using thermo-sensitive dyes), or biological (e.g., subcellular response, drug uptake, vesicular transport). Protocols for using lLAR devices with living cells and fluorescence microscopy are detailed in the supplementary material (S12). Examples of the utility of the lLAR for conducting in vitro experiments with cells and microbubbles are illustrated in Fig. 6 .
Bubble-cell interaction
Figure 6(a) shows the direct interaction between a fluorescent microbubble and a fluorescently-labelled cell plasma membrane following exposure to CW ultrasound at 1 MHz, 210 kPa for 60 s. This demonstrates the ability to visualize living cells and microbubbles in situ within the lLAR at high spatial resolution during and after ultrasound exposure.
Quantification of cell membrane properties
The lLAR also facilitates monitoring of cellular response to ultrasound exposure using appropriate fluorescent probes and quantitative microscopy techniques. Figure 6 (b) shows cells labelled with a polarity-sensitive dye, c-Laurdan, used to determine membrane lipid packing as an indicator of permeability. The cells were imaged at 30 different emission wavelengths to quantify the spectral shift of c-Laurdan in response to ultrasound and microbubbles exposure. This technique was employed recently to quantify changes in the lipid packing of membranes resulting from the transfer of phospholipids from microbubble shell to cell plasma membranes, 14 in the 1 MHz lLAR.
Quantification of intracellular delivery
Targeted delivery of therapeutics is a key application area of biomedical ultrasound research. One way to achieve ultrasound and cavitation-enhanced delivery of therapeutics is by cavitation-mediated permeabilisation of the cell membrane, often referred to as sonoporation. In
FIG. 5. Acoustic emissions of SonoVue
V R and polymeric cups exposed to 511 kHz ultrasound in a lLAR device, as detected by an externally coupled PVDF film sensor. The power spectral density is shown following background subtraction using the acoustic emissions of a control sample (no cavitation nuclei). The blue dashed lines indicate the harmonic frequencies. The red dashed lines indicate the ultra-harmonic frequencies. The peak rarefactional pressure (PRFP) of the ultrasound is indicated in the figure. a third example experiment with the lLAR device, Madin-Darby Canine Kidney (MDCK) cells were sonoporated following ultrasound and microbubble exposure in the 500 kHz lLAR device. Figure 6(c) shows the results of a typical fluorescence sonoporation evaluation using cellimpermeant propidium iodide (red) to indicate permeability or cell death, Calcein-AM (green) to indicate cell viability, and co-localized propidium iodide and Calcein-AM fluorescence to indicate successful sonoporation. The ultrasound frequency and pressure used for sonoporation (511 kHz and $145 kPa) were also employed in the assessment of microbubble cavitation dynamics in the lLAR with the Brandaris-128 high-speed camera (Fig. 3) , and in the assessment of cavitation microstreaming flow fields from microbubbles under ultrasound exposure (Fig. 4) . It follows that the 5.5% sonoporation observed, coincided with millimetre-scale cavitation microstreaming events, and stable, non-linear microbubble cavitation dynamics associated with the generation of harmonic and ultraharmonic acoustic emissions.
By reporting sonoporation results with corresponding characterizations of cavitation dynamics, microstreaming flow fields, and acoustic emissions, discrepancies in the field with regard to the experimental parameters (e.g., driving frequency, pulse repetition frequency (PRF), pulse length, total exposure time, dissolved gas concentration, cavitation agent) that result in sonoporation and the associated mechanisms can be addressed. 10, 67, 68 It is known, for instance, that inertial cavitation, which correlates with cell death, is associated with broadband acoustic emissions, 7, 12, 69, 70 although acoustic emissions are often not reported in sonoporation experiments. Furthermore, cavitation microstreaming is often cited 10, 46, 51, 52, 67, 71 as a principle mechanism of sonoporation owing to the high fluid shear stresses generated close to the microbubble, 57 and yet, cavitation microstreaming flow field measurements have never been reported in sonoporation experiments with adherent cells. Employing the lLAR for the concurrent measurement of acoustic emissions, cavitation microstreaming, and sonoporation efficiency, for instance, may 
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V. LIMITATIONS AND FUTURE PERSPECTIVES
In its current configuration, the lLAR utilises a rigid glass surface as a substrate for biological cells. The mechanical properties of physical boundaries can impact on microbubble cavitation dynamics and the associated microstreaming patterns; but they will also have an effect on the behaviour of cells either in the presence or in the absence of mechanical stimuli. Future work will investigate how these properties may influence ultrasound-mediated bioeffects. Reflector layers with different mechanical properties could be employed to mimic different soft and hard target tissues. For instance, Glynne-Jones et al. 43 reported on a thin-reflector resonator comprising a cellulose acetate reflector layer, designed for manipulation of microparticles towards a surface. In order to mimic a softer substrate (which is relevant to many in-vivo conditions), the glass surface could also be coated using an acoustically-and optically-transparent hydrogel. For instance, the acoustical properties of biocompatible materials-including hydrogels-with different stiffness have been systematically investigated in a recent study by Cafarelli et al. 72 Cells could be potentially seeded within the hydrogel layer to also generate a three-dimensional microenvironment, as opposed to a two-dimensional monolayer of cells as reported in the present study.
In this study, we reported on acoustic pressures in the range 0-0.4 and 0-0.3 MPa for the 0.5 and the 1 MHz resonators, respectively. It may however be desirable to generate a wider range of acoustic pressures, to replicate different acoustic stimulation regimes and therapeutic applications of ultrasound. In order to minimise undesired increase in transducer temperature at the higher driving voltages, the use of pulsed wave may be preferable. A temperature controlled system (based on Peltier elements) could also be integrated with the device, as reported by Ohlin et al. 40 for an acoustofluidic device intended for cell levitation and manipulation at 1 MPa acoustic pressure.
Again, in the experiments reported here, flow was only utilised to enable changes of medium and for injection of tracer particles and fluorescent dyes. It should be noted, however, that lLAR could also act as a flow cell, for exposure of biological cells to physiologically relevant fluid shear stress levels. The aspect ratio of the fluid layer and its tapered inlet/outlet sections are designed to generate a relatively uniform shear stress field over the reflector surface. Flow perfusion may also be beneficial if medium replenishment is needed, for long-term acoustic stimulation experiments. In addition, particle trapping and size-selective sorting of microscale particles have been achieved by manipulating cavitation microstreaming patterns in the presence of a pressure-driven background flow. 73 The lLAR device concept could be employed to further develop and characterize this technique.
VI. CONCLUSIONS
Ultrasound, in particular in combination with US-RAs, has shown potential for inducing therapeutically relevant effects on cells and tissues, with application in the treatment of malignant and non-malignant diseases. A more comprehensive understanding of their interaction with biological systems, however, requires the ability to generate acoustic fields within physical domains that are accessible by high-resolution analytical and optical instruments. This is difficult to achieve using water-tank based equipment that is commonly employed in biomedical ultrasound laboratories.
In order to overcome this limitation, we presented the design, fabrication, and experimental characterisation of acoustofluidic resonators (lLARs) suitable for investigating the acoustic behaviour of US-RAs and their interaction with biological cells. The devices are based on a thin-reflector resonator configuration, adapted to minimise pressure gradients in the direction of ultrasound propagation; as well as thermal and other secondary effects of ultrasound, e.g., acoustic streaming, allowing for the discrimination of the effects of US alone from those of US-RAs.
In the paper, we demonstrated the generation of ultrasound fields at therapeutically relevant acoustic pressures and frequencies; compatibility of the devices with ultra high speed imaging for monitoring microbubble dynamics; the integration of transducers for simultaneously recording acoustic emissions; quantification of the microstreaming flows produced by different USRAs using particle streak velocimetry; and observation and quantification of ultrasound/cavitation mediated changes in cell membrane permeability and intracellular delivery using fluorescence microscopy.
SUPPLEMENTARY MATERIAL
See supplementary material for detailed specifications of the device, implementation of particle streak velocimetry and details of the cell culture and cavitation agent preparation.
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